Endovascular aneurysm repair is a new and minimally invasive repair for patients with abdominal aortic aneurysm (AAA). However, endotension is one of the post-operative compliances of endovascular aneurysm repair in abdominal aortic aneurysm. Typically, endotension is mainly a result of pressure transmitted to the aneurysm sac through endovascular implanted graft (EVG) by intermediary of the stagnant blood filled aneurysm cavity. Focusing on a representative AAA with an EVG, a fluid-structure interaction (FSI) solver has been employed to provide physical insight for evaluating the blood flow dynamics, maximum AAA-stresses and deformations. Although implanting an EVG can reduce the sac pressure, mechanical stress and wall deformation in AAAs significantly, they remain non-zero. These magnitudes depend on multi-factors including blood flow conditions such as velocity and pressure, as well as EVG and aneurysm geometries. In this study, it was found that blood flow velocity deceleration occurs on the graft due to the curvature of its neck, so greater curvature of the graft neck can contribute to vortex formation in this area and exert load on the graft wall. In the iliac bifurcation region, divaricating of the flow leads to a large net flow momentum change. It results in additional stress on the implant graft and may lead to graft migration. One of the peak wall stress points is in the neck region where the stent-graft is in contact with the aneurysm wall. This necessitates considering adequate graft fixation to withstand the stresses of blood flow through the implanted graft. Also, maximum deformation of sac wall occurs in around the large diameter of the sac, and deformation during the systole phase is higher than that during the diastole phase.
Introduction
Abdominal aortic aneurysm (AAA) is a localized dilatation of the abdominal aorta exceeding the normal diameter by more than 50 percent, and is the most common form of aortic aneurysm. Abdominal aortic aneurysms are found in up to 8% of men over the age of 65 years. Rupture of an AAA and its associated catastrophic physiological insult carries an overall mortality in excess of 80%, and 2% of all deaths are AAA-related [1] . The most common treatment for a large (>5 centimeters), unruptured aneurysm is open surgical repair by a vascular surgeon. The aneurysm is cut and sewn in a graft to act as a bridge for the blood flow. The blood flow then goes through the plastic graft and no longer allows the direct pulsation pressure of the blood to further expand the weak aorta wall [2] . Interventional repair is a less invasive method of placing a graft within the aneurysm to redirect the blood flow and stop direct pressure from being exerted on the weak aortic wall. This relatively new method eliminates the need for a large abdominal incision. It also eliminates the need to clamp the aorta during the procedure. Clamping the aorta creates a significant stress on the heart, and people with severe heart disease may not be able to tolerate this major surgery [3] - [6] . The most complicated endovascular post-operation compliance is aneurysm growing even in the absence of endoleak and this is considered to be a treatment failure with the risk of rupture. This condition is described as "endotension" [4] . While the pathophysiology of other endovascular post-operation compliance is beginning to be elucidated, controversy still exists about the etiology and clinical consequences of endotension.
Basically, when the stress in the vessel wall exceeds that of the wall strength, rupture occurs. Peak stress was found significantly higher in the ruptured AAA than in the non-ruptured one. Implanting an EVG reduces the sac pressure and mechanical stress in AAA significantly but it remains non-zero. Wall stress in AAA is influenced by the aneurysm diameter, shape, wall thickness, wall mechanical properties, the presence of thrombus and blood pressure. Numerical modeling of aneurysms and stent-grafts is a useful method for determining the stresses and forces seen in-vivo. Finite element analysis (FEA) allows the deformations on the aneurysm wall to be determined.
FSIs are increasingly being implemented in the study of vascular diseases and AAAs [7] - [11] . Thubrikar et al. [12] investigated wall stress distributions in three-dimensional models of human abdominal aortic aneurysms based on CT-scans. Chong and How [13] measured the flow patterns in an endovascular stent-graft for abdominal aortic aneurysm repair. They observed that low velocity regions in the main trunk as well as flow separation in the stump region and the curved segment of the iliac limbs were associated with thrombosis in the clinical situation. Volodos et al. [14] investigated forces exerted on the rigid, bifurcated EVG. They found that the iliac bifurcation angle, EVG size and blood pressure impact the migration forces significantly. In summary, most of the research focused on AAA-wall stress or EVG-lumen flow separately, i.e. without consideration of the coupled fluid-structure interactions between the lumen blood, EVG wall, sac stagnant blood, and AAA wall. FSI occurs whenever the problem involves the flow of fluid causing the deformation of a solid structure. This deformation, in turn, changes the boundary conditions of the fluid field. Because blood flow and AAA/EVG are coupled in a complicated way, the pulsatile flow will affect the movement of the AAA/EVG walls and wall motion in turn influences the flow fields, i.e. the lumen and sac blood. The dynamic interaction between the flow and wall may influence the predicted wall stress. Di Martino et al. was the first to consider the dynamics of AAA and installed graft separately and report patient specific wall stress results of coupled fluid-solid interaction (FSI) simulation and suggested that FSI is a useful tool to investigate the physical sight of the blood flow and aneurysm wall rupture [15] .
In this study, the fluid-structure interactions of blood flow, EVG, stagnant sac-blood and aneurysm wall with their realistic properties are simulated demonstrating a representative AAA model of stress distribution in AAA wall; its deformation leads to endotension and hence aneurysm rupture.
Materials and Methods
In this study, an iterative two-way coupling method is employed to link the fluid and solid portions. To achieve this, ANSYS 13.0 software package containing the programs ANSYS Workbench and CFX, which are capable of modeling the structural and fluid domains, respectively were used.
Governing Equations

1) Flow Equations
The blood flow in the vessels is commonly laminar. This is the normal condition for blood flow throughout most of the circulatory system [16] . For unsteady laminar flow of an incompressible and non-Newtonian fluid, the mass and momentum equations (ignoring the body forces) can be written as [17] :
where U i denotes velocity components, ρ and μ are fluid density and viscosity, respectively, and p is the pressure.
2) Structure Equations
For the vessel wall, which is defined as an elastic solid, the relationship between stress and displacement (ignoring body forces) can be expressed as [17] :
where d i and σ ij are the components of the displacements and stress tensor in solid, respectively, and ρ w is the wall density. σ ij can be obtained from the constitutive equation of the material. For a Hooke an elastic solid, it is as follows: 
where λ and μ L are the Lame's constants, δ ij is the Kronecker delta and e ij are the components of the strain tensor which can be expressed as:
Lame's constants are related to physical material properties, Young's modulus, E, and Poisson's ratio, υ, by the following equations:
Material Properties
The Carreau non-Newtonian model, as used by Cho et al. [18] and Johnston et al. [19] has proved to provide close approximations to experimental blood flow conditions and not over-predict the non-Newtonian effects.
The relation between viscosity and shear strain rate, γ , can be written as [20] :
where λ f = 3.313 s, zero strain viscosity μ 0 = 0.056 Pa.s, infinite strain viscosity μ ∞ = 0.00345 Pa.s, and the empirical exponent n = 0.3568. Also the blood has a density of 1050 kg/m 3 . The aneurysm wall and EVG are considered to be linearly elastic, isotropic and nearly incompressible. The Young's modulus of 4.66 MPa, Poisson's ratio of 0.45 and density of 1062 kg/m 3 [21] were considered for aneurysm wall. For a bifurcated NiTi-stent interwoven with the graft material, equivalent Poisson's ratio of 0.27, density of 6000 kg/m 3 and Young's modulus of 10 MPa [22] were assumed.
Boundary Conditions
A real pulsatile flow velocity and pressure were assumed in the entrance and the iliac outlets of the abdominal aorta respectively with a time period of 0.75 s, as shown in Figure 1 [23] . An appropriate boundary condition is applied on the walls to indicate the interfaces on which FSI occurs. This allows the transfer of fluid forces and solid displacements across the specified boundaries. The solid model corresponding to the vessel walls are assumed to be fixed at the outlet of the renal arteries.
Geometry
An anatomically realistic model of an abdominal aorta aneurysm is reconstructed from CT-scan images, using Mimics software. Following the CAD profiles, we used GAMBIT 2.3.16 software to build the graft and aneurysm wall, and then imported them into ANSYS 13.0 software package containing the finite element and finite volume-based commercial codes, ANSYS Workbench and CFX. The cavity between EVG and the aneurysm wall was filled with stagnant blood. The interacting materials included the luminal blood, stagnant blood in the AAA cavity and the AAA wall.
It is necessary to have a proper mesh to reflect actual conditions and provide accurate answers while not exceeding reasonable computational power. Due to the geometry complexity, multi-block meshing technique is used to create structured mesh in computational domains and to prevent high grid concentration in the centre of circular cross-sections (as shown in Figure 2 ). 
Results and Discussion
In this section, the results for the fluid and solid properties such as velocity and pressure distributions, wall shear stress and deformation of the vessel wall with a period of tp = 0.75 are depicted at selected time frames over cardiac cycle, t/tp = 0.2, t/tp = 0.4 and t/tp = 1.0, which correspond to the maximum, minimum and uniform flow, respectively.
Velocity
Plots of time-dependent velocity distribution at selected times for the installed graft model are shown in Figure  3 . It is observed that the flow has begun to decelerate in the graft neck. The larger velocity deceleration may be due to the greater curvature of the neck of the stent-graft. The greater curvature can contribute to vortex formation in this area [24] which exerts extra load on the graft wall. Also, as it obvious in the iliac bifurcation region, the stream of blood flow divaricates into two branches, which results in a large net momentum change. Actually, this flow stream concentration results in extra stress on the implanted graft which can lead to graft migration [25] . The maximum blood velocity is 7.58 m/s and it occurs in t/tp = 0.2. The amount of velocity in implanted graft is reduced in t/tp = 0.4 and again increased at the end of one fluid pulsatile loading.
Wall Shear Stress
Wall shear stress plays an important role in the vessel wall behavior in the cases where structural response can be responsible for aneurysm wall rupture. It is obvious that wall shear stress is directly related to the rate of velocity change near the wall, which is caused by the change in geometry. In other words, any change of geometry in the artery produces significant effects on the blood flow. In order to investigate stress on the aneurysm sac wall, Figure 4 shows the wall shear stress variations at selected time frames, t/tp = 0.2, t/tp = 0.4 and t/tp = 1.0. The maximum shear stress is in t/tp = 0.2 i.e. at the beginning of pulsation. Clearly, in all pulsation one of the peak wall stress points is in the neck region where the stent-graft is in contact with the aneurysm wall. It means that adequate fixation should be considered to withstand the stresses of blood flow through the implant graft.
Deformation
Total deformation of the sac vessel wall is depicted in Figure 5 at two selected time points of the wave, i.e. t/tp = 0.2 and t/tp = 0.4, corresponding to maximum and minimum flow, respectively. It is seen that AAA sac wall is not deformed uniformly in the X-Z plane. Therefore, the aorta wall deformation in Z-direction is more than other directions. The time-dependent deformation is a result of the fluid pulsatile pressure loading via the FSI coupling. The maximum deformation of the sac wall is about 2.1 mm, as shown in Figure 5 . Hence, this part is more critical in aneurysm rupture. Also, it is found that wall deformation during systole phase, in which the flow is accelerating, is higher than that in the diastole phase. 
Conclusion
The aim of this study was to provide an understanding on the effects of incorporating FSI into the simulation of endotension distribution in the abdominal aortic aneurysm following endovascular repair. Plots of time-dependent velocity distribution in the installed graft revealed that velocity deceleration occurs due to the curvature of the neck of the stent-graft. Then, greater curvature of the graft neck can contribute to vortex formation in this area and exert extra load on the graft wall. Also, in the iliac bifurcation region, the stream of blood flow divaricates into two branches, which results in a large net momentum change. Actually, this flow stream concentration results in additional stress on the implant graft which can lead to graft migration. These findings showed that incorporating fluid-structure interaction and considering vessel wall deformations in studying blood flow through endovascular graft has significant effects on endotension distribution in the abdominal aortic aneurysm. It is obvious that wall shear stress is directly related to the rate of velocity change near the wall, which is caused by the change in geometry. Then, one of the peak wall stress points is in the neck region where the stent-graft is in contact with the aneurysm wall. This necessitates taking adequate graft fixation into account to withstand the stresses of blood flow through the implant graft. The time-dependent deformation of the aorta vessel walls is a result of blood pulsatile pressure loading through the implant graft via the FSI coupling. The pressure on the graft wall transmitted to the aorta sac wall by intermediary of the stagnant blood filled aneurysm cavity. Also, it was found that the maximum deformation of the sac wall occurs in around the large diameter of the sac, and deformation during the systole phase is higher than that during diastole phase.
